Abstract-A wirelessly operated, minimally invasive retinal prosthesis was developed for preclinical chronic implantation studies in Yucatan minipig models. The implant conforms to the outer wall of the eye and drives a microfabricated polyimide stimulating electrode array with sputtered iridium oxide electrodes. This array is implanted in the subretinal space using a specially designed ab externo surgical technique that fixes the bulk of the prosthesis to the outer surface of the sclera. The implanted device is fabricated on a host polyimide flexible circuit. It consists of a 15-channel stimulator chip, secondary power and data receiving coils, and discrete power supply components. The completed device is encapsulated in poly(dimethylsiloxane) except for the reference/counter electrode and the thin electrode array. In vitro testing was performed to verify the performance of the system in biological saline using a custom RF transmitter circuit and primary coils. Stimulation patterns as well as pulse strength, duration, and frequency were programmed wirelessly using custom software and a graphical user interface. Wireless operation of the retinal implant has been verified both in vitro and in vivo in three pigs for more than seven months, the latter by measuring stimulus artifacts on the eye surface using contact lens electrodes.
I. INTRODUCTION
R ETINAL prostheses are actively being developed by a number of groups worldwide [1] - [34] . These devices have been designed to restore lost visual function due to degenerative retinal diseases such as retinitis pigmentosa (RP) and age-related macular degeneration (AMD). These conditions cause a gradual loss of photoreceptor cells (which can cause blindness); yet, a substantial fraction of the neural pathways from the retina to the visual cortex remain functional despite the remodeling of the retinal neuronal architecture that results [35] . Existing treatments can perhaps slow the progress of these diseases, and no cure is available, but recent use of molecular genetic strategies has provided some restoration of vision in dogs and humans with RP [36] . There are approximately 1 700 000 affected individuals worldwide. AMD, meanwhile, is the leading cause of blindness in the developed world, with roughly 2 million affected patients in the U.S. alone. This number is expected to increase by 50% by the year 2020, as the population ages [37] , [38] .
Focal electrical stimulation of the remaining retinal ganglion cells in degenerated retinae can yield visual percepts that correlate with the strength and location of the stimuli [34] , [39] , [40] . It was also observed that threshold currents sufficient to elicit phosphenes were higher in subjects with retinal degenerations compared with normal subjects [30] . This collective body of research has made it clear that although severely impaired patients can see phosphenes upon stimulation even after years of blindness, they are fairly crude. There is a need to learn more effective stimulation strategies to improve the quality of artificial vision; hence, a chronically implantable device is required. As such, several research groups have endeavored to create the materials and methods to perform long-term implantations of retinal prostheses (e.g., [1] , [2] , [5] , [6] , [8] , and [12] ). In addition, regulatory bodies require substantial preclinical evaluation prior to obtaining permission to perform human clinical trials. This paper describes our own initial prosthetic design and the surgical procedures that we used to perform the necessary chronic animal implantations of our device.
A. Device Design Evolution
While early work in the vision restoration field focused on a cortical visual prosthesis [41] - [43] , and efforts toward both this end and optic nerve stimulators continue to this day [44] - [49] , 0018 -9294/$26.00 © 2009 IEEE the majority of the groups currently working in visual prosthetics are concentrating either on epiretinal (e.g., [4] and [10] ) or subretinal (e.g., [7] and [16] ) electrical stimulation, or less direct stimulation of the retina using a suprachoroidal or transscleral approach (e.g., [2] , [5] , and [12] ). Our team's approach for a number of years focused on epiretinal prosthesis design, culminating in several acute human surgical trials using comparable flexible, polyimide-based stimulating electrode arrays to those presented here [30] , [31] . A number of practical factors, however, led to a decision to take an ab externo, subretinal surgical approach to chronic implantation of a wirelessly driven microstimulator (see Fig. 1 ). These factors are briefly summarized in Table I . Most of these changes are related to surgical safety and biocompatibility. This transition affected many aspects of our engineering design, which is summarized in Fig. 2 . The overall shape of the implant places the larger coil and electronics structures at a distance of approximately 1.5 cm from each other, so that the device may be implanted in the superior nasal and superior temporal quadrants of the ocular orbit. The middle section of the device contains only the polyimide host flexible circuit and a large reference/return electrode, and in the Yucatan minipig, this region is implanted underneath the superior rectus muscle. Only the flexible, 16-µm-thick polyimide array with Fig. 2 . Engineering design of the subretinal microstimulator system. (a) Implanted components are built on a flexible, polyimide substrate. After assembly, the entire unit is coated in poly(dimethylsiloxane) except for the stimulating array and the current return electrode. The overall dimensions of the device are 12 mm × 31 mm. (b) Schematic diagram showing wireless operation of the visual prosthesis system. A camera (or external computer) and transmitter collect and then rebroadcast an image signal to the implanted stimulator chip, which is commanded to retransmit biphasic current pulses, in patterns corresponding to the desired image, to the stimulating electrode array located in the subretinal space.
iridium oxide (IrO x ) stimulating electrodes enters the scleral flap, which is typically made 10 mm posterior to the limbus (i.e., the circumferential junction between the cornea and the sclera).
The primary goal of this development effort was to demonstrate the feasibility of the ab externo, subretinal surgical approach by using conventional surface-mount electronic assembly techniques to create and implant a wirelessly driven microstimulator device. In passive life testing at 37
• C, our team determined that parylene-C-encapsulated implants could be exposed to saline environments for several months, until evidence of fluid leakage became apparent. Based on these experiments (which will be reported elsewhere), poly(dimethylsiloxane)-insulated devices were adopted for perfecting surgical techniques during animal surgical trials lasting several months. Meanwhile, our group has been developing next-generation, hermetically packaged devices that will ultimately be required for clinically relevant visual prosthetics.
The overall system design, outlined in Fig. 2(b) , incorporates an external video capture unit (or computer) and a transmitter that sends image data wirelessly to the implanted portion of the device. There, a custom, application-specific stimulator IC (ASIC) translates the image information into biphasic current pulses of programmable strength, duration, and frequency to the electrode array. Since the optimal current level and stimulation protocols for providing restoration of usable visual percepts are not known, our design concept was to keep the "smart" image processing hardware and/or firmware in the external control unit, and for the implanted system to be as flexible and simple as possible.
II. METHODS

A. Wireless Transmission System and Stimulator Chip
The implanted ASIC received data and power by inductive coupling on independent channels. The data were encoded by amplitude shift keying (ASK) on a 15 MHz carrier at 100 kb/s. The data include configuration values and stimulus current values. Real-time commands were sent to start and stop each stimulus pulse. The power was transmitted at 125 kHz and was rectified off-chip by two half-wave rectifiers to produce ±2.5 V, regulated by an off-chip 5.1 V Zener diode. An off-chip resistor and capacitor provide a delay on power-up to allow the ASIC registers to reset to the proper state. A flowchart of the power and data transmission systems is shown in Fig. 3 .
The ASK-encoded waveforms containing the image data are amplified by a separate class A power amplifier with a 40 V power supply, and sent to the primary data coil via a 25 Ω coaxial cable. A simple class D amplifier with a variable dual power supply generated the power waveforms; this was typically set between ±1.8 and ±2.8 V p-p , but the supply resonated to achieve a peak primary coil voltage of over 50 V. The data frequency was chosen to allow the potential for higher data rates, while the power frequency was kept lower to improve efficiency by limiting losses. The primary and secondary data and power coil specifications are summarized in Table II . The secondary coil specifications derive from the maximum size of the implant that could fit on the temporal side of Yucatan minipig eye, while the primary coil specifications were chosen to maximize the field received at the secondary coil. In bench testing, we found a maximum transmission distance of approximately 22 mm when an average power of ∼100 mW was input to the primary power coil. In biological saline, this was reduced to 20 mm, given the same input. With implanted devices, we achieved reliable data transmission over ∼5-10 mm of separation between the coils. The differences were attributed to signal absorption by the orbital tissue and misalignment of the coil pairs due to the bone structure of the pigs.
The heart of the implant was a communication and stimulation ASIC, which contains 30 000 transistors in a 2.3 × 2.3 mm 2 area and was fabricated in a 0.5 µm CMOS process (MOSIS, Irvine, CA) [50] . The chip drove 15 electrodes with 15 current-source TABLE II  IMPLANT COIL PARAMETERS drivers, of which 14 were capable of delivering up to 775 µA and one was capable of driving up to 1.55 mA. A third-order RC high-pass filter on the chip attenuated the power waveform and some of its harmonics before the input signal entered the data receiver circuit. A light micrograph showing the different sections of the ASIC is shown in Fig. 4 .
B. Microfabrication and Assembly
The host flexible circuit onto which all of the prosthesis components were assembled was made by defining 50-µm-wide metal traces on the host polyimide substrate using a photolithographic lift-off process. Since the implantation period for the Fig. 4 . Micrograph of the custom stimulator chip used in these trials [50] . There are 15 output current drivers. Reconstruction of the input waveform is performed using a delay-locked loop.
animal surgical trials was of limited duration, these traces were made from a Cu/Ni/Au metallization commonly used in the microelectronics industry, and the coils were fabricated from Cu wire. In subsequent trials, our team developed fabrication techniques for flexible circuits using entirely biocompatible materials. In all cases, the subretinal electrode arrays were fabricated with materials that have previously been well tolerated during chronic implantations. Standard surface-mounted parts were used for all the off-chip power supply components, and these were assembled on the flex circuit using conventional wave soldering techniques. The ASICs were mounted by stud bumping with 75-µm-high Au bumps, followed by flip-chip die attachment to the host substrate. Stud bumping was also used for the flex-to-flex connections between the flex circuits and the electrode arrays. This approach proved to be prone to reliability problems, however, and in subsequent designs, we integrated the electrode array formation with the flex circuit fabrication process. Once the electrode array was attached and the stud bump connections were encapsulated in nonconductive epoxy, the power and data coils were added. The resulting assemblies were then coated in poly(dimethylsiloxane), with the exception of the active electrode array and the return/reference electrode on the host flex circuit.
The electrode arrays, shown in Fig. 5 , were fabricated by first spin-coating and curing a 12-µm-thick base coating onto a 100-mm-diameter silicon wafer using Hitachi DuPont (HD) Microsystems PI-2611 polyimide. A three-layer metallization, comprising two titanium adhesion layers and a gold conductor layer (Ti/Au/Ti), was deposited on the polyimide by physical vapor deposition and patterned using a lift-off resist process. (The Ti and Au films were 50 nm and 1.5 µm thick, respectively.) A 3-µm-thick polyimide overlayer was spun over the metallized polyimide and cured at 350
• C. Electrode sites and contact pads were formed by patterning the wafer with photoresist and exposing the underlying metallization by O 2 reactive ion etching (RIE). The wafer was then repatterned to expose only the electrode sites, which were then coated with 300 nm of a reactive dc-sputtered iridium oxide film (SIROF) from an iridium metal target [51] - [53] . A reactive gas mixture of Ar, O 2 , and H 2 was employed to produce SIROF with a mixed Ir 3+ /Ir 4+ reductionoxidation state. The wafers were patterned a final time, and O 2 RIE was used to define the perimeter of each individual array by etching through the combined 15 µm thickness of the polyimide layers. After soaking in water, the individual arrays were then readily removed from the silicon wafers for testing; typical yields of perfectly functional devices depended on array size, but exceeded 80%.
C. Electrode Array Testing
Long-term pulsing studies were performed on 400-µm-diameter electrodes at a charge-injection density of 0.76 mC/cm 2 for 16 pulses/s. In the interpulse period, our stimulator used a weak current source to pull the electrode potential back up to +0.6 V with respect to the gold counter electrode, which was determined to be the optimal biasing condition for the iridium oxide stimulating sites. In the interphase (or intrapulse) period, the electrode potential was allowed to float, but only briefly (on the order of microseconds). An asymmetric current waveform was employed with a 1 ms leading cathodal phase followed by a 4 ms anodal phase with a fourth of the cathodal current. Pulsing of a total of 84 electrodes was conducted in model interstitial fluid (ISF) at 37
• C for an average of 177 days, and a maximum of 409 days. ISF was used as it was believed to be the closest analog to the inorganic environment of the subretinal space. A representative comparison of the cyclic voltammogram (CV) of a site on one array is shown in Fig. 6 at the initiation and at the 228-day time point of the pulsing study. The observed increase in charge storage capacity (determined from the time-integral of the cathodal current in one CV cycle) occurred early in the experiment, and is related to rehydration and possibly some structural modification of the SIROF during pulsing. Of the 84 total electrode sites, 59 were functioning normally when testing was ended. In this one example, the metallization of ten electrodes became discontinuous due to gold dissolution at sites where the polyimide did not completely cover the metal traces, and 15 sites were judged to have failed because of separation of the gold metallization from the underlying polyimide at the charge-injection site. In only one electrode was there evidence of SIROF delamination from the underlying gold due to pulsing, and this was limited to a small area along the perimeter of the electrode adjacent to the polyimide. In general, those sites exhibiting partial or full gold delamination from the polyimide exhibited normal driving voltage and CV responses until the charge-injection coating (Au and SIROF) separated from the array. Our team judged from these data that electrode arrays constructed in the manner described would be quite adequate for months-long animal implantation trials, but that further work was necessary to improve the longterm integrity of these flexible, polyimide-based structures to create clinically appropriate devices. We now have encouraging preliminary results indicating that the lifetime of arrays made with an improved process can be extended to more than ten years, using accelerated tests performed at 87
• C.
D. Ab Externo Implantation Procedure
Microstimulators were implanted in three Yucatan minipigs weighing ∼20 kg by the following procedure, which is depicted in Fig. 7 . Animal protocols were approved by local animal care and use committees, and conformed to the National Institutes of Health guidelines.
A preoperative electroretinogram (ERG) measurement was made to verify the overall health of the pig retina using a computer-controlled flash lamp and a contact lens electrode. Next, after making a lateral canthotomy and cutting open the conjunctiva, traction sutures were placed around the rectus muscles, and a partial thickness scleral flap (3 × 2.5 mm) was dissected 10 mm posterior to the limbus in the superior temporal quadrant. By applying pressure to the outside of the eye at this site while observing the retina, the intended site of implantation of the electrode array was visualized. A partial vitrectomy (to remove some of the "core" region of the vitreous body and enable the raising of a retinal bleb) was then performed near this location. The tip of a 30-gauge cannula was inserted through the retina, and a small amount of buffered saline solution and then Healon was injected to create the bleb, thus elevating and protecting the retina from harm. The superior rectus muscle was then cut at its anterior end, and the microstimulator (shown in Fig. 2 ) was sutured in place with the center of the device fixed underneath the former muscle location and the coils positioned over the scleral flap. Moderate systemic hypotension (achieved using a sodium nitroprusside drip) was used to reduce the potential for bleeding as the array was inserted through the highly vascular choroid that lies beneath the retina. In the first implantation, a polyimide guide (2 mm × 15 mm × 75 µm) was inserted through the scleral flap into the subretinal space under the bleb. This guide was used as a substrate upon which to extend a 6-8 mm length of the array. In subsequent implantations, we found it more expedient to bond a 16-µm-thick stiffener to the choroidal side of the electrode array with a silicone adhesive prior to surgery. This eliminated the need for a separate guide, since the stiffened array could now be inserted without one. Once the array was in place, the scleral flap was closed, and the final location of the electrodes was visually confirmed. The superior rectus muscle was sutured back, and the sclerotomies and the conjunctiva were closed. Fig. 8 shows a fundus photograph of an array in the subretinal space and a histological slide indicating good biocompatibility of the polyimide material after weeks of implantation. 
III. RESULTS
A. In Vitro Functional Testing
In vitro evaluation consisted of dry and "wet" functional testing in buffered saline solution to simulate the overall orbital environment. In both cases, the prosthesis was placed in close proximity to a primary coil assembly while data waveforms to drive the device were generated by a portable peripheral component interconnect extensions for instrumentation (PXI) computer system with a LabVIEW graphical user interface that allowed selection of current levels, pulse timing, bias values, data carrier frequency, and data rate (see Table III for typical parameters). Manually generated stimulation patterns were used rather than employing the video input that would be used in a clinical device; an electronic vision system is under development, and will be reported elsewhere. Prior to encapsulating the completed implants for surgery, a "test tail" extension to the electrode array was used to measure output waveforms at the electrodes while the device was wirelessly driven. Fig. 9 shows a typical electrode waveform measured in this manner. The circuit configuration of the dummy load used for our in vitro trials to simulate the in vivo site impedance consisted of a series resistor of 4 kΩ (representing the access resistance and the series resistance of the lead), and a parallel combination of a 20 kΩ resistor and a 0.047 µF capacitor representing the electrode-tissue interface. The effect of the access resistance can be seen in Fig. 9 as the small, sharp voltage drop at the onset of the pulse. The effect of the capacitor, whose voltage would be linear with time when driven by a constant current, can be seen as the sloped trace following the vertical drop. If there is a charge imbalance between the two pulses, the charge on the capacitor will slowly dissipate through the parallel resistor.
After testing the implants in a "dry" environment, we immersed the devices in buffered saline solution. In order to simulate the in vivo test conditions, where we would no longer have direct access to the electrode voltage waveforms, we measured the potential generated by the stimulating sites by placing two needle electrodes (as well as a third, reference electrode) into the saline solution and measuring the voltage difference between the two. This was proportional to the current sourced or sunk by the stimulating electrodes. The absolute magnitude of this voltage difference was highly dependent upon the placement of the two sensing electrodes. If they were placed on equipotential lines, no voltage difference was measured at all. At the other extreme, one needle electrode could be placed in close proximity to the electrode array, and the other could be in close proximity to the return electrode on the flexible substrate. In order to best model the in vivo experiments, neither of these two extremes was used for in vitro testing. Although the microstimulator used did not have "reverse" telemetry capabilities with which to monitor the actual instantaneous electrode waveforms, we assumed that the total in vivo potential at the stimulating and return electrodes was less than the maximal power supply voltage swing because: 1) our team had previously built prostheses that incorporated a "test tail" on the electrode array that allowed continuous in vitro monitoring of the actual electrode waveforms and 2) the charge density at which the electrodes were driven (20 µC/cm 2 ) was two orders of magnitude below the maximal charge density for the iridium oxide films used, and the resulting voltage at the electrode-tissue interface was thus well within the water "window." The stimulus artifacts measured by the needle electrode technique were only a few millivolts in amplitude, and the actual electrode voltages were clearly larger; the potential measurements were used only to obtain a relative indication of stimulator functioning. Fig. 10 shows the test setup and a sample waveform collected in the manner described; note the difference between this signal (which is proportional to current) and the electrode voltage waveform of Fig. 9 (which reflected the effects of the access resistance and the electrodetissue impedance). The nonzero final voltage of Fig. 10 does not represent a charge imbalance; rather, it represents an offset in the differential amplifier used to make the stimulus artifact measurement. Additionally, there is a very small positive interpulse current that is used by the stimulator chip to maintain the electrode potential.
After up to 30 weeks of implantation, devices were explanted, retested in vitro, and found to work as well as they did preoperatively. The electrode impedance did not change significantly during the implantation period, as the IrO x sites were hydrated during initial testing prior to assembly.
B. In Vivo Testing
For animal surgical trials, the wireless driver/transmitter described before was mounted on a cart. In Fig. 11(a) , representative ERG traces show no significant changes between preoperative and postoperative measurements. Fig. 11(b) shows our PXI computer system along with the associated power supplies and transmitter components. In Fig. 11(c) , two members of our team are testing an implanted stimulator. The primary coil assembly of Fig. 3(b) , attached at one end to the power and data transmitters, was placed over the eye of the animal [see Fig. 11(d) and (e)], while artifact waveforms in response to wirelessly generated stimuli were recorded using a contact lens electrode and displayed on the monitor. There was no measurable difference in the current-source outputs to each electrode with minor variations in coil position or after months of implantation, provided that sufficient power was transmitted to activate the implant.
Representative stimulus artifact waveforms recorded in this manner are shown in Fig. 12 . The "control" signal was collected by reducing the transmitted power to the implant sufficiently to prevent the stimulator from starting operation; clearly, there was no stimulus artifact in this case. The magnitude of the artifacts measured was strongly affected by the positioning of the contact lens electrode used to sense them; thus, Fig. 12 should be interpreted primarily as an indication of ongoing microstimulator functioning, rather than any physiological phenomenon. Our team attempted surface cortical recordings in minipig brain to assess visually and electrically evoked responses to stimulation. Surgical access to this region proved difficult, however, due to the pig anatomy, and no cortical recordings were made.
Because of the bulk of the implant, exposure of parts of the prosthesis through the conjunctiva was observed in some cases. Fig. 13 shows photographs of minipig eyes that demonstrate Representative waveforms of stimulus artifacts from wirelessly driven retinal microstimulators in Yucatan minipigs at 0, 2, 6, and 12 weeks postoperation. The "control" waveform was collected when transmitted power to the implant was reduced below the threshold that was required for stimulation to begin. The potential scale (in millivolts) is only relative, as the readings were highly sensitive to changes in the position of the contact lens electrode. Time scale: 1 ms/division. this phenomenon. We believe that moving the device circuitry to the posterior of the eye orbit would help to alleviate this problem, and indeed, preliminary results with new prosthesis designs indicate that this is the case. A more optimal microstimulator configuration would thus leave only a thin secondary coil underneath the conjunctiva in the anterior orbit. 
IV. DISCUSSION AND CONCLUSION
A complete, wirelessly driven subretinal neurostimulator has been developed for months-long experimental trials in Yucatan minipig models, along with a computer-based driver and RF transmitters. Operation of the retinal prosthesis in animals has been verified for over seven months. Long-term testing clearly indicated that degradation or delamination of implant components would limit the useful lifetime of our current device design to approximately 9-18 months in vivo. This limitation thus precludes the implantation of visual prostheses having similar construction methods for years-long clinical trials. Accordingly, our team has focused on hermetic packaging technology and lifetime extension for microelectrode arrays to develop clinically relevant prosthetics.
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